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INTRODUCTION
Urinary incontinence (UI) is not only caused by peripheral nerve/spinal cord injury but also other factors such as excessive alcohol intake, pregnancy, childbirth, bladder tumor/cancer, and an enlarged prostate. As a result, every individual is at risk for urinary incontinence. In the United States alone, the estimated total national cost of UI in 2007 was $65.9 billion, with projected costs of $76.2 billion in 2015 and $82.6 billion in 2020 [1] . Additionally, according to the World Health Organization, roughly 20 million people are affected by UI annually, worldwide [2] .
Over the years, measurement of abnormal bladder urine volume/pressure has been the key to restoring bladder function, creating awareness of when to empty the bladder, as well as improving the quality of life of patients with UI. In a clinical setting, it is common to see patients with UI carrying catheter-based bladder urine sensors around. Even though this method grants the accuracy needed for monitoring urine volume/pressure, it is invasive and provides limited, short-term information about the dynamic volume/pressure profile within the urinary bladder. Therefore, this method is suitable for hemiplegic patients and only feasible in clinical settings. To circumvent these problems, noninvasive monitoring methods using sound or electromagnetic radiation, such as light, ultrasound, and x-ray, have been studied to ensure efficient diagnosis and improve the efficacy of urinary bladder dysfunction therapy. However, these methods may require exposure of the body to high-energy waves that are not very accurate since they interfere with the pressure/volume of the urinary bladder as the tissues and fluids interact with these high-energy waves [3] . Therefore, fully implantable bladder sensors with telemetric mechanisms could provide direct measurement of bladder urine volume or pressure without the risks of infection posed by catheters, wires, or high-energy waves.
With the rapid advancement in micromachining/microfabrication over the years, miniaturized and highly accurate sensors are being developed that may safely be implanted into patients for long-term monitoring. Here, we explore the various types of implantable bladder sensors, design requirements and specifications, as well as current efforts to address issues including hermeticity, biocompatibility, drift, telemetry, power transfer, and compatibility issues with popular imaging tools such as computed tomography (CT) and magnetic resonance imaging (MRI). We also discuss some possible improvements/emerging trends in the design of implantable bladder sensors for enhanced patient comfort and long-term monitoring.
TYPES OF IMPLANTABLE BLADDER SENSORS
Over the last five decades, several techniques have been developed for the quantification of urinary bladder function. These techniques include indirect volume estimation from intravesical pressure, electrical impedance plethysmography, strain gauge plethysmography, imaging plethysmography using ultrasound sensors, electromagnetic plethysmography, and electroneurographic recordings from peripheral nerves [4] . In current clinical settings, catheterization and catheter-based sensors are the most common tools employed in the monitoring of urinary bladder volume. Catheter-based sensing is used as the reference standard for other sensors because of its accuracy and precision. However, this technique is very invasive and can cause infection during prolonged use. Therefore, it is only suitable for short-term usage and feasible only in a clinical milieu.
Earlier attempts at bladder urine volume sensing were performed by measuring the bioelectric impedance difference between electrodes sutured to the detrusor muscle on opposite sides of the bladder as one arm of a resistor-capacitor phase shift oscillator. This oscillator functioned as a transponder, transmitting the changes in wave frequency, as a result of bladder filling, to an external receiver. However, encapsulation of these electrodes by fibrotic tissue growth demanded the need for frequent calibration, thereby hindering its feasibility in clinical application [5] . To avoid biofouling, Dreher et al. [6] presented an alternative method of bladder urine volume sensing that used a reed switch and a magnet sutured to the detrusor muscle in close proximity to one another. As the urinary bladder volume rises, the distance between the magnet and the reed switch is increased until the switch opens, thus activating a telemetry oscillator as shown in Fig. 1 [6] . This system operated on the assumptions that the musculature of the bladder is elastic and behaves like a balloon being filled. However, healthy urinary bladder muscle tissue is not flaccid under normal conditions and patients with a sensory paralytic bladder have chronic overdistension and flaccid bladders [7] . Furthermore, both of these methods require surgical intervention and are accompanied by postsurgical pain, long recovery time, and additional costs of healthcare. Several researchers have implemented various ultrasonic systems and geometrical formulas to quantify the volume of residual urine [7] [8] [9] [10] [11] [12] . Although urine volume measurements were relatively inaccurate, the presence or absence of urine in the bladder could be detected. Rise et al. [7] correlated some of these inaccuracies to the variability in bladder contour between individuals, different measurement time intervals, and differences in fecal content in the colon among subjects. Although ultrasonic bladder volume/pressure measurement is a noninvasive procedure, Ulrich reported that the long-term exposure of the body to high ultrasonic intensity greater than 100 mW/cm 2 could pose serious health risks to the body [13] .
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Several research groups have developed strain gauge sensors to measure bladder volume [14] [15] [16] . These sensors can be placed inside or outside of the bladder; they undergo a conformational change as the bladder shape changes. However, the approach of invasively wrapping the sensor around a bladder, as shown in Fig. 1 , could not be easily implemented and some strain-gauge sensors gave a low sensing range of 2%, which would not be sufficient for detecting bladder volume changes [14, 15] . A wireless bladder volume monitoring system using a flexible capacitive-based strain sensor was presented to monitor bladder urine volume with respect to changes in the sensor capacitance [16] . Even though this capacitive-based strain sensor is invasive, its interdigitated finger structure allows it to detect small changes in volume in the urinary bladder far better than the formerly designed strain-gauge sensors.
DESIGN CHALLENGES OF IMPLANTABLE BLADDER SENSORS
Hermeticity and Biocompatibility
The durability of an implantable bladder sensor is a very important factor of the sensor design because human urine presents a hostile and corrosive environment to bladder sensors [17] . Biocompatibility of sensor packaging material becomes a challenging problem in such biological environments. To increase the durability of the implantable sensor as well as reduce the risk of infections that the implanted sensor could cause to the human body, several considerations must be made concerning the material of choice for hermetic and biocompatible packaging. Candidate materials that exhibit low cytotoxicity, sufficient immuno-inertness, and biocompatibility include diverse materials such as metals (e.g., nitinol, titanium, stainless steel, and platinum), polymers (e.g., liquid crystal polymers, parylene, polydimethylsiloxane [PDMS] , and silicone rubber), various inorganics and ceramics (e.g., zirconia and alumina) [18] . Many miniaturized microfabricated sensors using microelectromechanical systems (MEMS) technology use bio-incompatible materials such as Si, poly-Si, SiO2, Si3N4, SiC, and SU-8 epoxy photoresists [19] . Since these materials are unavoidable in the MEMS sensor design, a biocompatible encapsulant is essential for implantable MEMS sensors.
A hermetic package is required to prevent body fluids from leaking into the implantable bladder sensor. With a hermetic package, issues such as open circuits, leakage current, electrical shorts due to moisture-promoted dendritic growth, and disconnection of solder-attached components resulting from solder oxidization due to ingression of active gases such as oxygen, could be prevented. Packaging processes are particularly challenging issues associated with MEMS sensor designs because the sensor sensitivity is affected by its packaging [20, 21] . MEMS technology employs two materials as substrates for their sensor fabrication: silicon and glass. Corning 7740 (PYREX, Corning, New York, NY, USA), Corning 7070, Corning 1729, Corning 9626, Schott 8330 (Tempax, SCHOTT AG, Mainz, Germany), and SD-2 (HOYA, Tokyo, Japan) are the most common glass materials used in MEMS technology because they have thermal expansion properties close to that of silicon [22, 23] . Anodic bonding is the standard technique used for the creation of a hermetic seal between glass and silicon. Currently, most silicon microsensors are made using this technology. It does not require interlayer materials, which simplifies the manufacturing process and eliminates biocompatibility concerns [19] .
Drift
To achieve reliable long-term measurements, an implanted bladder sensor should possess a stable, consistent response over its lifetime. Ideally, a change in the response of the sensor should only occur as a result of a change in the quantity to be measured. In our case, that should be a change in urine pressure or volume inside the bladder. However, that is not always the situation in practice because the response of the sensor is also affected by other factors. Therefore, a change in the response of a sensor which is inconsistent with the rate of change of the quantity to be measured is known as drift. In the case of catheter-based sensors, drift is controlled by frequent recalibration through an external reference point. On the other hand, recalibration is impossible for implantable bladder sensors without surgical intervention. Signal drift can be classified into two forms: offset drift and sensitivity drift. Offset drift occurs when the baseline measurement drifts to obscure the desired measurement or in other words, the sensor calibration changes. Sensitivity drift may be attributed to degradation of sensor performance due to material aging and mechanical fatigue resulting from attachment of cells or diaphragm material corrosion. Zhou et al. [24] presented that silicon wafers showed signs of corrosion in bicarbonate buffered saline at 37˚C after about 6 months. The human urinary bladder environment is dynamic; that is to say, many unknown and parasitic capacitances that could have a significant influence on the whole sensor system exist. For instance, an implantable bladder sensor that incorporates the appropriate materials and operating principles could operate perfectly in vitro, but if a design consideration is not made in terms of its sensing environment (in vivo), like the wet milieu of the urinary bladder, drift and inaccuracy could arise from change in pH, fluid absorption of sensor substrate, biofouling of the sensor, etc. Therefore, it is important to integrate the implanted bladder sensor with drift compensation circuits in order to deliver a reliable and continuous measurement.
Telemetry
Wireless communication is a promising technology for transmitting/receiving data from the implantable device to an external device without the use of wires. It creates more comfort to the patient while at the same time avoiding complications created by wires. Wireless communication is generally accomplished through the use of radio frequency (RF), optical, sound, or infrared media, with RF being the most common. The medical device community has allocated specific bands for wireless communication of implantable devices. They include: the very high frequency band at 174-216 MHz, the ultrahigh frequency bands at 401-406 MHz and 450-470 MHz, and several narrow bands within the industrial, scientific and medical bands of 6.765 MHz to 245 GHz [25, 26] . For an implantable bladder sensor that uses RF communication, a frequency in the lowMHz region provides a good compromise with respect to bandwidth and tissue absorption [27] [28] [29] . The appropriate frequency and bandwidth chosen to transmit and receive data from the bladder sensor is chosen based on the location of the implantable device.
Generally, wireless communication takes two forms: active telemetry and passive telemetry. The former requires active electronics such as amplifiers and microcontrollers for wireless communication. Therefore, a power source in the form of an onboard battery or inductive coupling becomes necessary [30, 31] . The latter does not require power to function and is usually driven by an external device, specifically, an inductive coil. For long-term application of active telemetry, a long lasting power source becomes a necessity and may require a rechargeable battery. Passive telemetry is usually preferred because of the simplicity of its circuitry as well as the smaller size of its design. In both cases, communication distance is a challenging issue because RF quickly dissipates in tissue and bone whereas inductive coupling requires alignment and proper positioning of both internal and external coils for efficient power transfer. Several researchers have presented methods to improve the coupling efficiency of the external coil and implantable sensor coil, regardless of position [27, 32, 33] .
Low Power Consumption and High Data Sampling Rate
One challenging issue for implantable bladder sensors is the need for low power consumption of the implanted sensor in combination with a high data transmission/reception sampling rate. Many times, a high sampling rate is desired because it provides more information about the measurement quantity. However, a high sampling rate means more power consumption and a shorter battery life. A solution to this issue is an inductively powered bladder sensor receiving power from an external power transfer system, although there is a loss of power while transferring power between the external system and the bladder sensor. Additionally, the rate of the coupling efficiency and the distance between the transceiver and receiver systems should be minimized to obtain a maximum coupling efficiency. Apart from the type of power source used, more power consumption in the implantable bladder sensor leads to dissipation of heat from the sensor that could cause damage to surrounding tissues. As a result of this, International Standard Organiza-tion 14708, clause 17, clearly states that no implantable device surface temperature shall exceed 2˚C above body temperature [20] . Thanks to the rapid advancement in microfabrication and micromachining, most implantable bladder sensors are designed to have a very small size and consume very little power.
Compatibility Issues With Popular Imaging Tools
Another problem that implantable bladder sensors encounter is their poor compatibility with current imaging devices such as CT, MRI, and ultrasound. Soft tissue imaging such as neurological imaging, oncological imaging, and muscular imaging, as well as many others necessitate the use of MRI. The use of ferrites and metallic packaging in implantable bladder sensors to effectively improve wireless communication and hermeticity, respectively, could interfere with MRI and cause heat dissipation, image distortion, and leakage current due electromagnetic induction. Furthermore, high doses of x-rays employed in CT scans could erase important data/information from memory chips and other data storage devices in the implantable bladder sensor. Moreover, the use of high ultrasonic energy for imaging could cause disruption in the electronic circuitry of the implantable bladder sensor, possibly leading to device failure, packaging issues or potential danger to the patient [20] . Therefore, implantable bladder sensors with new and safe technologies that would allow MRI compatibility and low-dose based xray acquisition should be implemented.
IMPROVEMENTS/EMERGING TRENDS IN IMPLANTABLE BLADDER SENSOR DESIGN
Hermeticity and Biocompatibility
Polymers such as silicone [34] or liquid crystal polymers [35] tend to absorb moisture during long-term use within the body. Therefore, proper caution must be exercised when using such polymers in the bladder because they could cause significant drift or leaks within the sealed cavities of your design. Apart from the materials used for the circuitry and sensor element, the interconnect materials such as lead, gold-tin solders, and epoxies should be encapsulated to produce a hermetic implantable sensor [33] . Hermetic packaging is essential in preventing failure of the implanted active circuitry as well as preventing lethal substances from leaching into the bladder. From time to time, the stress induced by the hermetic packaging process interferes with the sensitivity of a pressure sensitive membrane. In such cases, the pressure sensitive membrane is created within the casing. Any pressure exerted on the deflectable casing membrane is transduced onto the sensing membrane of the pressure sensor by using an incompressible fluid (e.g., silicone gel or oil) [36, 37] .
Another way to enhance a hermetic and biocompatible package is to have a second encapsulation, commonly with silicone rubber or a parylene coating [38] [39] [40] [41] . Silicone and parylene coatings were found to improve biocompatibility and reduce offset drift of implantable bladder sensors; however, it was discovered that they could also reduce the sensitivity of the implantable bladder sensor [41] [42] [43] [44] [45] . Furthermore, PDMS encapsulation was found to have a negative impact on frequency response by degrading it [46] . Drug coating is known to benefit sensor performance by reducing the adsorption of proteins and other cellular material onto the sensing system of an implantable bladder sensor. Furthermore, sodium 2-acrylamido-2-methylpropyl sulfonate coating on the silicone encapsulation could prevent salt deposition on the sensor material [38] . Lastly, the use of parylene C and thin-film platinum could reduce the complexities of hermetic and biocompatible packages [47] .
Drift
A well-known method to eliminate baseline drift is to compare the desired signal to a reference signal and then compensate for the error. For strain gauge pressure sensors, baseline drift coming from an environmental influence could be eliminated by introducing a pressure insensitive capacitive element as a reference to the sensing element in a differential signal circuitry [48, 49] . Another drift compensation method is to implement a differential pressure sensing technique that uses another sensor, outside of the bladder, to measure the difference in pressure between the inside and outside of the bladder wall. This technique could be a way to moderately improve baseline drift [50] . In addition, averaging the output data of a sensor array could compensate for the drift.
To compensate for the temperature drift, additional circuitry or temperature insensitive materials have been used in the bladder sensors. The introduction of an on-board temperature compensation circuit [51] [52] [53] or external signal processing circuitry [48, 54] could help in the recalibration of the sensor response in vivo. Temperature-insensitive materials such as temperature-insensitive quartz should be used for sensor transducers as a way to minimize temperature drift [53, 55] .
To compensate for the biofouling drift, ultrasonic energy could be used to remove biofouling by vibrating the sensor membrane (e.g., piezoelectric membrane transducer) at ultrasonic frequencies while ensuring the ultrasonic intensity is not high enough to cause any damage [56] . Coating the bladder sensor with silicone or parylene to prevent biofouling and immune system response could also minimize sensitivity drift.
Telemetry and Power Transfer
Long-term, continuous power transfer and efficient power transfer between inductively coupled coils are the two major issues commonly associated with telemetry and power transfer. Currently, power is transferred to the circuitry of the implantable bladder sensor by the use of a battery-based approach, having a limited lifetime, or an RF-based approach, having limited coupling efficiency.
For short-term monitoring of bladder volume/pressure, battery-based implantable sensors are suitable. Adapting power conservation mechanisms such as device hibernation after 5-10 minutes without usage could be implemented to enhance the battery life and operational efficiency. For long-term monitoring of bladder pressure, an RF-based inductive coupling approach can be used [57] . However, the coupling efficiency between the implantable bladder sensor coil and external coil should be taken into consideration since the external coil/transmitter must be continuously worn to provide power to the internal bladder sensor if the coupling efficiency is low. To circumvent this issue, a hybrid system was created that combines the battery and RF charging components [32, 33, 58] . A hybrid system could eliminate the need for continuous wearing of a bulky external coil by allowing the RF-based rechargeable battery to operate the sensor during the day, while an external coil recharges it at night. In a setting whereby the patient is constantly moving (e.g., neonates), inductive coupling may not be very efficient for data transmission and/or reception.
Currently, several researchers are focused on enhancing the transmission of power to the implantable bladder sensor, by improving or circumventing coupling issues between the two coils, as well as developing new ways to reduce attenuation-related effects in vivo. Other researchers have developed an adaptive power control mechanism to monitor the sufficiency of power delivered to an implantable sensor and its circuitry, and to store this power in a capacitor if the power received is not sufficient [27, 59] . This technique circumvents poor coupling is- sues and uses smart implantable device technologies to operate when the power becomes sufficient. Other efforts to improve coupling efficiency involve the use of two or more external coils/transmitters within a system. Among the coils, the bestcoupled coil to the implantable bladder sensor coil is selected and the others are turned off [60] . This technique ensures proper coupling between internal and external coils, while at the same time ensuring efficiency of power transfer regardless of the bladder sensor position. Many inductor-capacitor tank-based implantable bladder sensors encounter variation issues in their dielectric constant once they are implanted into a wet environment such as the inside of the bladder (εr≈1 in air and εr≈80 for saline solution) [35] . These changes are usually due to the increase in the number of parasitic and other unwanted capacitances that could degrade the resonant frequency as well as the quality factor of the implanted sensor. Silicone encapsulation is known to minimize dielectric constant variations in the bladder but at the cost of reducing the sensitivity of the entire sensor system. An alternative solution to this problem is the use of small ferrite rods within the coils to improve the quality factor of the coils for improved inductive coupling.
Piezoelectric ceramic materials such as lead zirconate titanate (PZTs) could be an alternative means of harvesting energy to power implantable bladder sensors. Kim et al. [61] used an acoustic signal generated by an external speaker to cause an implanted piezoelectric cantilever, connected to a pressure sensor within the bladder, to vibrate at its resonant frequency as shown in Fig. 2 . The low frequency of the acoustic signal allowed it to be transported through the body to the PZT with minimal signal loss, with no concerns of orientation or alignment related effects. This particular technology eliminates the alignment and distance issues associated with RF-based telemetry and simplifies implanted sensor design by removing the need for a sophisticated onboard receiver system.
CONCLUSIONS
From the patient's point of view, catheterization and catheterbased sensors reduce their quality of life after surgical intervention and can cause infections during prolonged use. Currently available implantable bladder sensors may be more comfortable for the patient; however, they have limitations in accuracy due to drift, biocompatibility, hermetic packaging, communication, operating power, and incompatibility with popular medical imaging tools. To minimize drift, improve hermeticity, and enhance biocompatibility of implantable bladder sensors, adaptations using temperature-insensitive deflectable diaphragms and biocompatible encapsulation with silicone, PDMS, or parylene are being explored. To improve power issues of implantable bladder sensors, a hybrid system that uses a rechargeable battery and an external power transfer system could be utilized. Moreover, power-harvesting materials such as PZTs could be an alternative means to power implantable bladder sensors.
Thus, several techniques and the status of current technologies in either solving or circumventing these limitations and issues were reviewed. If the above methods are implemented, implantable bladder sensors will not only operate in a manner as good as catheter-based sensors, but will also improve the patient's quality of life.
